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Microfluidic devices powered by integrated
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Jacob L. Binsley, *a Elizabeth L. Martin, a Thomas O. Myers, b
Stefano Pagliara c and Feodor Y. Ogrin a
We show how an asymmetric elasto-magnetic system provides a novel integrated pumping solution for
lab-on-a-chip and point of care devices. This monolithic pumping solution, inspired by Purcell's 3-link
swimmer, is integrated within a simple microfluidic device, bypassing the requirement of external
connections. We experimentally prove that this system can provide tuneable fluid flow with a flow rate of
up to 600 μL h−1. This fluid flow is achieved by actuating the pump using a weak, uniform, uniaxial,
oscillating magnetic field, with field amplitudes in the range of 3–6 mT. Crucially, the fluid flow can be
reversed by adjusting the driving frequency. We experimentally prove that this device can successfully
operate on fluids with a range of viscosities, where pumping at higher viscosity correlates with a decreasing
optimal driving frequency. The fluid flow produced by this device is understood here by examining the
non-reciprocal motion of the elasto-magnetic component. This device has the capability to replace
external pumping systems with a simple, integrated, lab-on-a-chip component.
1 Introduction
Lab-on-a-chip microfluidic devices are a promising solution
to progressing point-of-care testing (POCT)1–4 and biomedical
applications.5–8 Miniaturising and integrating a range of
processes onto one small chip allows fast, sensitive tests to be
distributed and used outside of the laboratory. As such there
is significant research focusing on the development of devices
for use in the field.3,9 However, while some POCT devices can
be designed to operate using capillary flow, many still require
bulky and expensive pumping systems10,11 which can be
prohibitive to their potential widespread use.
Manufacturing a self-contained, chip-based pumping
system would allow for actively pumped POCT devices to be
used more widely. However, there are significant challenges
to overcome when producing net fluid flow on microscopic
length scales. Creating effective swimming or pumping
requires actuation which is non-symmetrical in time and is
therefore non-trivial.12
Generating net motion in the Stokes regime has been a
lively area of study over the last few decades, underpinned by
the work of Purcell13 and Taylor,14 and has grown into a
diverse field with a multitude of swimming and pumping
mechanisms being developed both theoretically and
experimentally. Research in this field has explored a vast
array of driving mechanisms, including magnetic torque,15–23
electric fields,24,25 light,26,27 acoustic waves28–30 and chemical
energy.31–33
Many of these driving mechanisms have been studied in the
context of microscopic pumping solutions.19,20,24,34–46 While
there is no formal way of comparing these systems directly, it
is clear that many of these integrated pumping designs do not
offer optimal solutions for use in a broad range of low-cost,
portable POCT devices. For example, a device utilising capillary
flow45 can be fabricated and operated easily, although cannot
produce tuneable or reversible fluid flow and is not appropriate
for prolonged or repeated use. Meanwhile Sawetzki's self-
assembled pumping and valving devices,40 again requiring only
simple fabrication techniques, offers a great degree of control
over fluid behaviour, although is limited by a complex
actuation method. The inverse of this is the magneto-elastic
membranes utilised by Martin et al.46 relying on a long and
complex fabrication, limiting its implementation even though
the actuation method is simple.
Therefore, during the development of many self-contained
POCT devices, the choice of pumping mechanism requires
just as much consideration as the functional components of
the chip. This can be a time consuming and expensive
distraction from the primary aims of the project which
presents a significant barrier to the development of POCT
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devices. A modular standard which can be calibrated post-
integration to be utilised in a broad range of applications,
would do much to advance the prevalence of self-contained
lab-on-a-chip devices.
An appropriate general purpose integrated pumping
solution should be able to produce consistent, precise,
tuneable and reversible flow rates appropriate for repeated or
prolonged use. It should be implemented using simple,
accessible and repeatable actuation methods, requiring no
external connections or manual intervention, and thus be
capable of being used by an untrained third party. Finally, it
should be fabricated using only standard techniques,
materials and expertise as currently used in the production
of microfluidic devices, minimising the potential expense of
manufacture. Satisfying all three of these criteria fully and
simultaneously is a difficult challenge which has yet to be
fulfilled by an integrated pumping solution.
This paper introduces a device which aims to overcome
the limitations above. The research pursues the development
of a multipurpose, modular micropump by exploring the
validity of a design inspired by Purcell's 3-link swimmer,13
the simplest possible swimming solution in the Stokes
regime. This design is integrated within a self-contained
module at the time of manufacture, requiring only soft
lithography, utilising a simple external actuation method and
producing highly tuneable and reversible fluid flow.
The pump design (Fig. 1) represents a simple, planar,
elasto-magnetic device with an elastic geometry similar to that
of Purcell's 3-link swimmer, where in this case the action of
Purcell's hinges is replaced by an elastic deformation of the
links L1 to L3. Due to an embedded magnet, the application of
a weak, uniaxial magnetic field can be used to drive the
required elastic deformation. The result is a device that is
capable of performing non-reciprocal, time-irreversible motion
which generates a strong net fluid flow. Fabricated through
simple, single stage lithography, this planar design is within
the bounds of fabrication of many microfluidic laboratories.
The pump is integrated into the device at the time of
fabrication without requiring extra assembly and represents
the first realisation of an asymmetric pumping system based
on Purcell's 3-link swimmer. The elastic geometry is formed of
polydimethylsiloxane (PDMS) and the embedded magnet is
neodymium iron boron (NdFeB).
This research provides a general purpose, integrated
pumping solution which can be readily and cheaply
fabricated by most well-equipped microfluidic laboratories.
In this way, research into POCT devices has greater freedom
and flexibility to move towards more portable and self-




In lab-on-a-chip devices, where length scales and velocities
are small compared to fluid viscosity, the Reynolds number
can become much less than one, resulting in the valid use of
the Stokes approximation to the Navier–Stokes equation. The
resulting equations of motion of the system are,47
0 ¼ −∇!P þ μ∇2 u!; (1)
and
0 ¼ ∇! × u!: (2)
where P represents pressure, μ represents dynamic viscosity,
u→ represents velocity.
In this inertia-less, quasistatic regime, fluid flow is time
independent. This implies that a swimmer which performs a
reciprocal motion consisting of an action followed
immediately by the inverse of that action, returns the system
Fig. 1 The geometry of the pump. A diagram of the system explored
in this study, depicting the pump, channels and magnetic fields
employed. The grey region signifies PDMS, the gold region signifies the
NdFeB magnet of side length 250 μm and the blue region signifies
fluid. a) Depicts the integrated pump. The pump consists of three
elastic links, labelled L1 to L3. The width of the links is 150 μm and the
thickness is 300 μm. The blue arrow shows the direction of the
uniaxial oscillating magnetic driving field, B
→
, and the red arrow shows the
direction of magnetisation, m→, of the NdFeB magnet. b) Depicts the device
geometry. The device consists of a fully enclosed pumping module with the
labelled inlet and outlet being square channels, 1000 μm in width and 900
μm in depth. The pump module is formed of three layers of PDMS, each
with a feature size of 300 μm, the middle layer contains the integrated
pump. The pump module is connected to an open reservoir module via
PTFE tubing with length of 4 cm and internal diameter of 860 μm. The
reservoir module allows for easy introduction of fluid and tracer particles
during experiments. c) Depicts the geometry of the pumping chamber with
the dimensions displayed.


































































































Lab ChipThis journal is © The Royal Society of Chemistry 2020
to its original state with zero residual flow production,
regardless of any time difference taken to perform each
action.
In 1977, Purcell13 suggested the simplest possible
swimming mechanism in the Stokes regime, known as the
3-link swimmer. The 3-link swimmer is a device consisting of
3-links attached via two hinges, where the rotation angles of
the hinges are controlled. Due to viscous forces, a rotation of
a hinge also induces a translation of the body. Rotations and
translations are non-commutative and therefore the motion
of the swimmer is dictated by the order of rotation of the two
hinges.48 Provided the two hinges are rotated out of phase
with each other, the resultant motion is capable of being
non-symmetric in time and can produce net translation of
the body (Fig. 2). If both hinges were to move in phase with
each other, the system would become degenerate with that of
a single hinged swimmer. Opening a single hinge is identical
to the time-inverse of closing a single hinge and therefore
there is no time-irreversible series of single hinge rotations
capable of producing net motion, known as scallop
theorem.49
However, only one hinge of a 3-link swimmer needs to be
actively driven to produce net motion, provided the second
hinge has an elastic restoring force. This system will also
produce non-reciprocal motion, with the elasticated hinge
following in phase behind the driven hinge. Elasticated
microswimmers have been of theoretical interest50,51 and
would be much more experimentally convenient due to the
fact that a net fluid motion can be produced by controlling
the rotation of a single component.
The behaviour of this style of swimmer has been studied
analytically through the application of slender body theory.
Slender body theory considers thin filaments moving through
viscous fluids, far from any boundaries.52 When examining a
sperm-like swimmer with a magnetic head and a flexible tail
analytically through the use of slender body theory,
performing small amplitude motion, the sperm compliance
number is introduced as,51,53
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where: L is the characteristic length, ξ⊥ is the perpendicular
resistance to motion, with dependence on fluid viscosity, ω is
the driving frequency, E is the Young's modulus and I is the





viscous drag force at the head and the magnetic moment of





represent the head velocity field.
ℒ therefore mediates the effect of a driving force on the
resultant motion in the Stokes regime. The sperm
compliance number is vital in understanding how these
flexible systems behave. While inappropriate to apply to
many real experimental systems due to the necessary
approximation of the system to be a series of high aspect
ratio filaments, it still gives an understanding of how the
motion of the swimmer is expected to depend on the
geometric parameters, the viscosity of the fluid and the
driving frequency. Altering the sperm compliance number
will alter the behaviour of the swimmer and the resultant
fluid flow produced. Altering the driving force in isolation
does not alter the sperm compliance number but will have
secondary impacts on flow production.51 The simplest way to
alter the sperm compliance number dynamically in an
experimental system would be to alter the driving frequency.
These theoretical investigations into the principles of
swimming in this regime can be harnessed to produce a
pumping system, as the difference between swimming and
pumping depend solely on the frame of reference. A
symmetric 3-link swimmer produces the strongest net flow
parallel to its length and so if such a swimmer were
constrained by its tail, the resulting pump would also
produce net flow in the same manner. However, in nature we
find that cilia produce an asymmetric motion which allows
Fig. 2 A graphical representation of various sequences of motion
incorporating the Purcell 3-link swimmer. The links are represented in
grey, while the hinges and their directions of rotation are represented
in blue and red. a) Represents a non-reciprocal sequence of motions
which is not time-reversible. By breaking time-reversal symmetry,
when the swimmer has completed the sequence of motions and
returns to its original configuration, it has undergone a net spatial
translation. b) Represents the two hinges rotating in phase with each
other. All sequences of motion are time-reversible because any motion
can only be followed immediately by its inverse. This swimmer is
incapable of self-propulsion and is analogous to a single hinged
system.
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for efficient pumping perpendicular to their length.54 This
enables cilia to be arrayed on large flat surfaces and produce
efficient fluid flow, particularly when beating patterns are
coordinated.55 Therefore, taking inspiration from nature, the
optimal pumping solution would exhibit an asymmetric
response where each full cycle is composed of a pump stroke
and recovery stroke.
An asymmetric response can be achieved experimentally
in bio-mimetic cilia by actuating a symmetric system using
a driving torque which is asymmetric in time.37,38 However,
in the interest of limiting the complexity of any external
equipment used to power the device, the optimal solution is
to actuate a geometrically asymmetric pump using a simple
symmetric driving torque. The direction of stable flow
production from a Purcell-like system driven by a periodic
driving torque about its hinges is dependent on its
symmetry axes.56 An asymmetric elastic 3-link swimmer,
where the equilibrium configuration is offset from the
traditional rest configuration, breaking symmetry
perpendicular to its length, should therefore be capable of
producing stable fluid flow similarly perpendicular to its
length. This hypothesis can be understood in the system
depicted in Fig. 1a by recognising that the application of a
clockwise torque about the magnet will not only bend the
pump towards the right, but also increase the angle
between links L1 and L2, describing a length extension of
the system. Conversely, the application of an anti-clockwise
torque about the magnet will simultaneously bend the
pump towards the left, as well as decrease the angle
between links L1 and L2, describing a length contraction of
the system. Provided the bending occurs at a different rate
to the extension/contraction, this describes a hysteretic
behaviour and the desired asymmetric response will be
observed.
The result is a distinct power stroke and recovery stroke as
observed in the biological solution of cilia.54 It can be shown
that the area enclosed within the closed loop path difference
between these two strokes of motile cilia is proportional to
the volume of fluid pumped per cycle, and this area is
therefore an important figure of merit with respect to the
pump response.57
The Purcell 3-link swimmer is capable of producing
tuneable flow rates when altering the phase difference of
the two hinges,49,50,58,59 and has been theorised to be
capable of producing flow in the reverse direction,60
however achieving reverse flow rates in this manner is
experimentally impractical as it would require high
amplitude deformation which has not yet been achieved
experimentally. Hamilton et al.20 has shown that placing
restrictions on the near-field fluid vortices around an elasto-
magnetic pump can constrain the resultant fluid flows into
producing strong flow in the negative direction without
altering the motion of the pump. In this manner, the flow
direction can be controlled through much smaller changes
in pump behaviour. By introducing channel walls in close
proximity to the pump, the flow direction can be controlled
much more readily by simple adjustment of the driving
frequency. Therefore, the driving frequency will dictate not
only the sperm compliance number, the behaviour of the
pump and the production of fluid flow, but also the
direction of fluid flow.
The choice of power delivery mechanism is important in
the design of any pumping device. It has been theorised that
the most effective way to deliver power remotely to a system
is through the use of magnetic fields.61 As such, the optimal
design for a microfluidic pump should be an elasto-magnetic
device with power delivered through the production of a
magnetic torque. In this instance, torque, τ!, is provided to
the elastic structure remotely by coupling an embedded
magnet, with magnetisation, m→, to an external driving field
with magnetic flux density, B
→
, utilising the commonly used
equation, τ!¼ m! × B!. This external driving field can be the
simplest possible, uniform, uniaxial, oscillating magnetic
field since the hysteretic pump motion is a property of the
asymmetric elastic geometry.
Through these working principles, the first experimental
application of an elasto-magnetic Purcell-like system is
employed as a fully operational microfluidic pump with
parallels to the behaviour of biological cilia. The behaviour of
this pump can be controlled through the manipulation of
driving frequency alone, simplifying the equipment required
to operate the device.
2.2 Design overview and actuation
The proposed pump is integrated within a segregated
pumping module with an inlet and outlet (Fig. 1). The
pumping module is constructed of three layers of PDMS
bonded in a vertical stack (Fig. 3): the middle layer
containing the integrated pump, with the top and bottom
layers extending the depth of the channel, additionally acting
as capping layers to fully enclose the device.
This pump is fully made from PDMS with an embedded
NdFeB magnet. The pumping module is fully enclosed, with
enough internal volume to allow for the pump to move out of
plane without stalling against the bounding channel walls. In
this way, the pump operates in the bulk, distinct from similar
previous studies on elasto-magnetic pumps investigating
surface flows produced in open channels.19–22,62 The inlet
and outlet channels are 1000 μm in width, and 900 μm in
depth. This pumping module is connected via
polytetrafluoroethylene (PTFE) tubing, of length 4 cm and
internal diameter 860 μm, to a separate reservoir module.
This reservoir module is a large, open cup structure with
internal side-length of 1.5 cm which is not fully enclosed and
allows for fluid and tracer particles to be readily introduced,
removed or replaced in this system.
The cubic NdFeB magnet of side length 250 μm is set in
the “head” of the pump (Fig. 1) and provides torque, τ!,
when driven by a weak, uniaxial external magnetic field, B
→
,
provided by a Helmholtz coil. The magnet provides
magnetisation, m→, in a direction perpendicular to the external
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driving field to maximise torque (and elastic deformation) in
accordance to the common equation, τ!¼ m! × B!. The
remnant flux density of the NdFeB magnet is 1390–1440 mT,
with a coercivity of 835 mT.63 This magnetic material is
coated in a thin protective nickel layer with thickness 12–25
μm.
2.3 Device fabrication
The middle layer of the pumping module with the integral
pump was created with an SU-8 mould constructed using
standard photolithographic techniques.64 A photomask was
designed in AutoCAD and printed on an emulsion film by JD
Photodata. A hexamethyldisilazane (HMDS) based primer was
spin coated onto a 2 cm square silicon wafer at 4000 rpm
and baked on a hot plate at 95 °C for 10 minutes. SU-8 3050
photoresist was then spin coated on top of the primer at
1500 rpm to a thickness of 300 μm and baked on a hot plate
at 95 °C for 45 minutes. The photomask was aligned with the
wafer using a Kloe UV-Kub 2 masking optical system and
exposed to UV (365 nm wavelength and 40 mW cm−2
irradiance) for 15 seconds. The wafer was then baked on a
hot plate again at 95 °C for 5 minutes and developed with
propylene glycol methyl ether acetate (PGMEA) in a sonicator
for 20 minutes. This was then washed with isopropanol and
blow dried with N2. This negative mould was then spin
coated with polymethylmethacrylate (PMMA) 950K A4 at 4000
rpm and baked on a hot plate at 100 °C for 10 minutes.
The upper and lower capping layers were both created
using one acrylic mould which was CNC machined. A mould
for the reservoir module was produced by 3D printing due to
its larger feature sizes.
PDMS was mixed 10 parts to 1, oligomer to curing agent
and then degassed. This uncured PDMS was introduced into
these moulds and cured at 50 °C in an oven for 11 hours,
giving the elastic material a final elastic modulus of 1.6
MPa.65 During the curing process, the NdFeB magnet, dip
coated in PMMA and dried at room temperature, was
manually inserted into the head of the pump. The magnet
was then rotated to the specified orientation (Fig. 1) through
the application of an external magnetic field.
Once cured, the three distinct layers of the pumping
module were removed from their moulds and manually
aligned in a vertical stack under a microscope. Uncured
PDMS was used as an adhesive between each of the layers,
utilising the “stamp-and-stick” method.66 This was then
cured for 48 hours at room temperature to avoid further
heating the pump: maintaining a low elastic modulus. The
completed pumping module and reservoir module were
bonded to opposite ends of a glass slide through treatment
with oxygen plasma.67
PTFE tubing with an inner diameter of 860 μm was then
inserted into both modules and sealed using a further
application of uncured PDMS. The assembled device was
then cured at room temperature for an additional 48 hours.
The completed device was then filled with fluid through the
reservoir module using a syringe to begin measurements.
2.4 Device handling
The device is filled with a mixture of water and glycerol. The
fluid viscosity is subsequently controlled by varying the
relative proportions of these two fluids.
The measurements were taken using the ABIOMATER
system provided by Platform Kinetics Limited, consisting of
an optical microscope equipped with an Olympus
MPLFLN10×, 10× magnification optic and an Olympus
MPLFLN2.5×, 2.5× magnification optic, a MotionBLITZ
EoSens mini1 monochromatic high speed camera operating
at 1000 frames per second, single axis Helmholtz coil and
XY-stage. The pump is actuated by the Helmholtz coil
providing a sinusoidal, oscillating magnetic field
Fig. 3 A 3D rendering of the device. a) Is an exploded projection of
the pump module. We see the pump module is made from three
distinct layers. The middle layer contains the integrated pump (Fig. 1),
the upper and lower layers act to extend the height of the microfluidic
channels by 300 μm each side, while also acting as capping layers. b)
Shows that the pump module and reservoir module are assembled
onto a microscope slide and connected via PTFE tubing as in the
experiments.
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perpendicular to the orientation of the NdFeB magnet
(Fig. 1). The amplitude of the driving field is varied in the
range of 3 mT to 6 mT and the frequency is varied in the
range of 1 Hz to 60 Hz.
The flow rates produced by the pump are measured as
follows: 15 μm diameter polystyrene microbeads (Sigma-
Aldrich, 74964) are introduced into the channel via the
reservoir module. The bead motion is observed with the
ABIOMATER optical microscope equipped with the 10×
magnification optic and recorded with the high speed
camera. This data is then analysed with the open source
software, Tracker68 and is discussed in section 2.5. The
motion of the pump is also measured with the same
apparatus using the 2.5× magnification optic. This motion is
also analysed using Tracker.
2.5 Measurement of fluid motion
When tracking the microbeads as mentioned in section 2.4,
the initial position of a given bead is recorded in the tracking
software. The position of this bead is then automatically
tracked by the software between frames as its position evolves
in time, until a final frame. This final frame is determined to
be an integer number of periods of the driving field, from
the initial frame, and is typically 1000 frames (1 second)
unless otherwise restricted. The velocity of this bead is taken
as the distance travelled over this integer number of periods.
A minimum of three high speed videos are recorded for each
data point, and a selection of beads are tracked in each
video.
The motion of the pump is tracked in a similar manner.
The initial position of the centre of the pump “head” is
recorded and then automatically tracked by the software as
its position evolves in time until a final frame, capturing
multiple periods of oscillation. At higher frequencies, fewer
data points can be captured per oscillation period: for
example, at a driving frequency of 50 Hz, only 20 data
points will be recorded per pump cycle. The data is
therefore interpolated using a smoothing spline to better
represent physically realistic pump motion for analysis in
section 2.6.
2.6 Analysis of fluid motion
The peak fluid velocity, vpeak, is taken to be equal to the peak
bead velocity as recorded in section 2.5, since the beads are
assumed to have equal velocity to the surrounding fluid. vpeak
is used in this study because it must occur ata known,
consistent position at the very centre of the channel and is
therefore a consistent point of reference, producing
consistent measurements. vpeak can be obtained from
measurements as long as the centre of the channel is
captured within the depth of field of the microscope used in
this study. The standard deviation of the recorded velocities
is taken as the uncertainty.
The volumetric flow rate, Q, can then be calculated from
vpeak due to the known channel cross section. For the
rectangular channels used in this study, this can be
performed using the following two equations:69





































where vx is the velocity at a given position in the channel and
Q is the volumetric flow rate. ΔP, η and L are the pressure
difference, dynamic viscosity and channel length, h and w
are the height and width of the channel, where h < w. y and
z are the position vectors denoting a specified position within
the cross section of the channel.
From these two equations we can calculate the constant
ratio, Q/vpeak, for this particular channel geometry to be
∼775/2104. As such, our peak velocity measurements need
only be multiplied by this ratio to obtain the volumetric flow
rate.
When analysing the motion of the pump, the resultant
motion as measured in section 2.5 is hysteretic, forming a
closed loop (Fig. S1†). The area contained within this closed
loop is taken to be indicative of the non-reciprocal motion of
the pump.57 This area is calculated as the median area over
multiple pump cycles, with the standard deviation between
these cycles being taken as the uncertainty in the
measurement. Due to the nature of the path taken by the
pump, if too few data points are taken during a cycle, then
linearly interpolating between them will result in under
predicting the value of the enclosed area. Therefore it is
necessary to interpolate between the data points with a
smooth function, such as a smoothing spline. The standard
deviation of the recorded areas is taken as the uncertainty.
3 Results and discussion
We begin by measuring the motion of the pump. When
actuated through the application of the external magnetic
field, the elastic geometry is deformed, with the 3-links
deforming out of phase with each other. The top-most link,
L1, responds before L2, leading in phase, and again L2 leads
in phase over L3. The desired non-reciprocal motion is
observed and can be clearly represented when observing the
motion of the pump head as it moves in a closed loop path
exhibiting hysteretic behaviour, being reminiscent of
biological cilia (Fig. 4 and S1†).
We clearly see an extension/contraction of the pump in
accordance with the direction of the provided magnetic
torque (Fig. 4 and S1†). When a clockwise torque is provided,
through points 1 → 2 → 3, a length extension is observed as
the pump deforms towards the right. When an anti-clockwise
torque is provided, through points 3 → 4 → 1, a length
contraction is observed as the pump deforms towards the
left. When tracing the path taken by the pump head, a closed
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loop is obtained representing the path difference and
resultant hysteresis. This motion exhibits a distinct power
stroke and recovery stroke as predicted in section 2.1, where
fluid is expected to be pumped more effectively in the
direction of the power stroke than the recovery stroke.
We measure the area contained within this closed loop
path as a function of frequency for various driving field
amplitudes and fluid viscosities (Fig. 5). From these
measurements we can determine that increasing the driving
frequency results in increasing the measured hysteretic area,
until a maximum value. Beyond this value, increasing the
driving frequency further causes the hysteretic area to decay
towards zero. From the green curve representing a viscosity
of 0.0077 kg ms−1 (Fig. 5a), we can see most clearly the
characteristic frequency dependence of the pump motion.
The optimal driving frequency of this system is shown to
be strongly dependent on fluid viscosity. When altering the
fluid viscosity (Fig. 5a) we notice two key points. Firstly, that
lower viscosities offer a maximum hysteretic area at a higher
frequency. Secondly, that the maximum hysteretic area
appears to increase with decreasing viscosity in the measured
range.
The difference between these curves is understood here by
discussing the behaviour of eqn (3). Increasing the frequency
will increase the sperm compliance number, as will
increasing the viscosity of the fluid. Therefore, a greater fluid
viscosity will compound with the increasing driving
frequency to accelerate the increasing sperm compliance
number. A system with greater fluid viscosity will therefore
exhibit higher sperm compliance number behaviour at lower
driving frequencies.
The optimal driving frequency of this system is shown to
not be strongly dependent on field amplitude. We show that
Fig. 4 The hysteretic pump motion. Four non-sequential frames are
displayed from high speed video recordings as described in section 2.5
and are labelled here 1–4. The pump head follows the red line, taking a
different path during the pump stroke and the recovery stroke. This
non-reciprocal motion is the source of pumping and the sequence of
motions is described in the text. This image is adapted from data taken
in these experiments and is used to represent the typical motion of the
pump. The viscosity of the fluid is 0.001 kg ms−1 and the driving field
amplitude and frequency are 6 mT and 50 Hz respectively.
Fig. 5 The pump motion as a function of frequency. a) Depicts the dependence on fluid viscosity with a constant field amplitude of 6 mT and b)
depicts how the motion depends on field amplitude with a constant dynamic viscosity of 0.001 kg ms−1. The blue curve is duplicated between
both a) and b) for reference. The median area contained within the closed loop path traced by the non-reciprocal motion of the magnetic head of
the pump, as suggested in Fig. 4, is shown. This is recorded as a function of driving frequency and repeated for a range of dynamic viscosities and
driving field amplitudes. The plotted line is a simple smoothing spline between the data points to act as a visual guide.
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altering the driving field amplitude (Fig. 5b) does not alter
the trend of the curve and only serves to alter the amplitude
of the response at all points. A greater field amplitude allows
for greater maximum displacement of the pump from its rest
position, widening and broadening the hysteresis (Fig. 4), for
all frequencies.
We have limited the maximum driving frequency in these
experiments to 60 Hz. This is due to the increasing power
required to maintain the maximum field amplitude at higher
driving frequencies. The maximum hysteretic area is
therefore not captured in this study for the measurements
taken at the lowest viscosity of 0.001 kg ms−1.
When observing the system with the highest viscosity of
0.08 kg ms−1 we find that the optimal driving frequency
appears to be in the range of a few Hertz with recorded area
similar to that of the green curve at 0.0077 kg ms−1 (Fig. 5a).
We know that as the driving frequency tends to zero, the
hysteretic area must also tend to zero. We can be confident
therefore that the trend of the curve is unchanged, rising
from zero to an optimal value, before decaying back towards
zero at higher frequencies.
By analogy to a comparable system of cilia, we should
expect a linear relationship between the area swept by the
pump and the volume displacement of the fluid per cycle.57
When measuring the volume of the fluid displaced per cycle
(Fig. 6 and S2†) we observe a number of key points. Much
like our measurements of pump motion, the fluid volume
displaced per cycle must tend to zero as the driving frequency
tends to zero or infinity. A maximum volume displacement is
observed at the same frequency as with the maximum area
traced by the pump.
When altering the amplitude of the driving field, we also
observe in correlation with the measurements of pump
motion, that the trend of the curves is unchanged (Fig. 6a).
Instead, altering the amplitude of the driving field serves to
scale the net displacement of the fluid at all points.
Interestingly, we also note a divergence from the linear
relationship between the pump motion and the net volume
displacement. The maximum volume displacement is
observed at an intermediate driving field amplitude, rather
than at the maximum amplitude as might be expected.
An increased field amplitude reduces the phase lag of the
motion of the head behind the driving field,51 altering the
point in the cycle when the stored elastic energy is released.
Therefore, an optimal driving field amplitude is likely to exist
in the context of maximising flow production within this
system.
Crucially, in these measurements we also observe an
undocumented phenomena for an experimental Purcell-like
system: a consistent region of negative flow production due
to the flow restrictions imposed on the system due to the
close proximity of the bounding walls, as outlined in section
2.1. By placing these restrictions, the net flow direction
becomes discretised and flow in the negative direction
becomes favourable under the conditions provided. The
ability of this system to dynamically change the pumping
direction through no alteration of the geometry is an
important property to consider when contemplating potential
applications.
The same dependence on viscosity is also recorded for the
fluid displacement as with the pump motion (Fig. 6a). By
increasing the fluid viscosity, the maximum volume
Fig. 6 The net volume of fluid displaced per pump cycle. This consists of both the pump and recovery stroke. a) Depicts the displacement when
varying the fluid viscosity at constant field amplitude of 6 mT. b) Depicts the displacement when varying the amplitude of the applied field at a
constant fluid viscosity of 0.001 kg ms−1. This is measured as described in section 2.4. The plotted line is a simple smoothing spline between the
data points to act as a visual guide.
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displacement occurs at lower driving frequencies, with the
lowest viscosity measurements recorded here exhibiting an
inflated maximum value. These correlations confirm that
taking the area enclosed within the motion path traced by
the pump is an important figure of merit when characterising
the system. The flow produced is not steady, but oscillates in
both the positive and negative direction throughout each full
cycle. This is because during the recovery stroke, the pump
moves fluid in the reverse direction, only less effectively than
in the forward direction. The net volume displacement per
cycle is recorded here.
Now that we have discussed the net volume displacement
per cycle, and the strong relationship this has with the
motion of the pump, we will also discuss how this translates
into usable volumetric flow rate (Fig. 7). This pumping
system is capable of producing flows in the range of −100 to
+600 μL h−1 for the measured frequencies at the lowest
viscosity tested.
The trend of these curves is much as expected when
considering their relationship with the net volume
displacement per cycle (Fig. 6). We find that the peak flow
rate is more biased towards higher frequencies than for the
volume displacement per cycle. This is most visible for the
measurements using a viscosity of 0.0077 kg ms−1,
represented by the green curve (Fig. 7a). This can be
understood since at frequencies greater than the optimal
frequency, the pump completes more cycles in a given time
period, counteracting the decrease in fluid displaced per
cycle at these higher frequencies.
The behaviour of the system described here agrees with
the previous theoretical work on its free swimming
counterpart.49–51,58,59 When the phase difference between the
two hinges of Purcell's 3-link swimmer is varied, a maximum
fluid velocity is observed at an optimal, finite phase
difference. The result is replicated in this study, with the
peak fluid flow produced at an optimal, finite driving
frequency which can be related to the phase difference
between the actuation of the links.
This demonstrates the first experimental application of an
asymmetric Purcell-like system. Moreover, this system is
capable of providing tuneable, reversible fluid flow when
integrated within a microfluidic device. The device is capable
of being manufactured using only existing, standard methods
of fabrication in the field, and can be implemented with the
employment of the simplest actuation method. This device
can therefore be considered for general purpose use in low-
cost, portable POCT devices.
When comparing its operation to alternative integrated
micropumping solutions, a number of advantages can be
ascertained. It is shown to operate on a fully enclosed bulk
fluid rather than just surface flows as is shown previously for
a number of elasto-magnetic devices.19–22,46 The pumping
mechanism does not alter the fluid in any way through
chemical interactions such as found in studies exploring
Janus particles or diodes.24,31–33 This system does not rely on
the maintenance of phase separated fluids, as found in some
acoustic actuation methods29 which may be adversely
effected by long term storage or transport. It can be utilised
for prolonged periods of time and used repeatedly unlike
systems which rely on capillary forces,70 low pressure43 or
otherwise depend on the advancement of a fluid–air
interface.35,36,71 The system requires no physical external
connections and is completely self-contained.34 The device is
actuated using the simplest transient magnetic field
Fig. 7 The average volumetric flow rates produced by this pumping system. a) Shows the volumetric flow rate when varying the fluid viscosity at
constant field amplitude of 6 mT. b) Shows the volumetric flow rate when varying the amplitude of the applied field at a constant fluid viscosity of
0.001 kg ms−1. The plotted line is a simple smoothing spline between the data points to act as a visual guide.
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commanding only a single degree of freedom unlike those
used by other bio-mimetic, cilia-like systems,37,38 minimizing
the complexity of the actuation equipment. The pump can be
fabricated as one piece with the rest of the microfluidic
device, integrated at the time of manufacture with minimal
extra assembly required.
The oscillatory flow produced should have no impact on
the functionality of the device, due to the time reversibility of
flow in the Stokes regime, only the net flow is significant
when evaluating pumping performance. While the
fabrication time is relatively long, this is mostly due to
prolonged curing times and so lends itself to batch
production, requiring minimal input from the manufacturer.
Therefore, we can confidently introduce a general purpose
micropump capable of being applied to a large variety of
portable, low-cost, actively pumped POCT devices with broad
ranging applications, circumventing the specific drawbacks
of many alternative solutions.
4 Conclusions
This work successfully implements the first asymmetric
elasto-magnetic integrated pumping system based on
Purcell's 3-link swimmer. Effective, tuneable, bidirectional
fluid flow is produced for microfluidic applications without
manually altering the pumping system. The oscillatory nature
of the flow produced will have no appreciable impact on
simple low Reynolds systems.
The device requires no physical connection to external
systems and can be fabricated using only what is already
commonplace in the production of microfluidic devices,
relying on nothing more complex than single stage
monolithography. Actuation is achieved through equally
accessible equipment, requiring only a single input with one
degree of freedom: the application of the simplest possible,
uniaxial, oscillating magnetic field. This design therefore
serves to reduce or remove barriers to the development and
implementation of fully self-contained POCT devices.
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